Purpose: Simultaneous acquisition of MR and positron emission tomography (PET) images requires the placement of the MR detection coil inside the PET detector ring where it absorbs and scatters photons. This constraint is the principal barrier to achieving optimum sensitivity on each modality. Here, we present a 31-channel PET-compatible brain array coil with reduced attenuation but improved MR sensitivity. Methods: A series of component tests were performed to identify tradeoffs between PET and MR performance. Aspects studied include the remote positioning of preamplifiers, coax size, coil trace size/material, and plastic housing. We then maximized PET performance at minimal cost to MR sensitivity. The coil was evaluated for MR performance (signal to noise ratio [SNR], g-factor) and PET attenuation. Results: The coil design showed an improvement in attenuation by 190% (average) compared with conventional 32-channel arrays, and no loss in MR SNR. Moreover, the 31-channel coil displayed an SNR improvement of 230% (cortical region of interest) compared with a PET-optimized 8-channel array with similar attenuation properties. Implementing attenuation correction of the 31-channel array successfully removed PET artifacts, which were comparable to those of the 8-channel array. Conclusion: The design of the 31-channel PET-compatible coil enables higher sensitivity for PET/MR imaging, paving the way for novel applications in this hybrid-imaging domain.
INTRODUCTION
Imaging technology for simultaneous MRI and positron emission tomography (PET) has been developed in the last decade for small-animal imaging (1,2) and more recently for human imaging applications (3) . Integrated simultaneous PET and MRI allow a unique combination of morphology and function by combining high resolution anatomical MR, hemodynamic changes from functional MRI (fMRI), and specific functional molecular imaging from PET (4, 5) . The potential and the growing interest for studies with simultaneous positron emission tomography/magnetic resonance (PET/MR) imaging (6) calls for advanced detection capabilities with integrated PET/MR scanners, including new radiofrequency (RF) coils that improve sensitivity and parallel imaging.
From the MR perspective, large coil arrays for highly parallel imaging with MR-only scanners have demonstrated increased image sensitivity and acquisition speed compared with single-channel coils (7) (8) (9) (10) . The development of parallel imaging has allowed accelerated image acquisition and advanced reconstruction techniques with array coils (11, 12) . For imaging of the brain, multichannel array coils with up to 32 channels (or 64 channels for head/neck) are commercially available and arrays with higher numbers of channels have been demonstrated (13) . However, the molar sensitivity in the functional/molecular domains of MRI is still orders of magnitude lower compared with PET (1) and hence there is a continuing drive for higher sensitivity.
In PET/MR imaging, the RF coils for the MR signal detection are located within the PET field-of-view (FOV) and thus degrade PET image quality through additional attenuation and scatter. These phenomena result in decreased sensitivity in PET images (i.e., increased image noise or longer PET acquisition times to make up for the counts absorbed by the MR array) as well as in the introduction of artifacts if the coil attenuation is not accounted for (14) . Because standard RF coils are not PET-optimized and contain highly attenuating materials at nonuniformly distributed points in the PET FOV, artifacts on PET images due to RF coils can be a severe problem, especially for multichannel arrays. While it is necessary to correct for the attenuation of the RF coil sitting inside the PET FOV, such corrections can be challenging and artifacts cannot always be fully removed (15) (16) (17) (18) . Thus, it is crucial to minimize the attenuation of photons for best PET image quality.
The design and development of multichannel array coils for the use in an integrated PET/MR system poses new challenges and requires a different design approach compared with conventional MR arrays (19) . For brain imaging with simultaneous PET/MR systems, MR arrays with a maximum of 12 channels are currently available. Higher number of channels would increase MR image quality, but would also be expected to increase the attenuation of 511 keV PET photons. Hence, it is especially important for the construction of highly parallel arrays to adopt a targeted design approach that takes into account PET compatibility while maximizing the MR detection capability. Other considerations are important, such as highly constrained space due to the small geometry of some current generation PET/MR brain scanners.
In this study, we present the design and performance of a 31-channel PET-compatible MR brain array coil for simultaneous PET/MR. Detailed design considerations for the challenges with integrated PET/MR systems are addressed. These include choices for electrical components and their arrangement within the PET scanner bore. According to these criteria, the array coil is designed in a sparse configuration of 511 keV absorptive materials and aims to optimize the arrangement of components, such as preamplifiers and cables. The performance of the coil is evaluated according to MR SNR and parallel imaging measures as well as the principal factors for sensitive and artifact-free PET images: attenuation at 511 keV and the performance of coil attenuation corrections.
METHODS

Existing Hardware Components
The PET-compatible array coil was designed for a prototype simultaneous PET/MR scanner, composed of a 3 Tesla (T) MRI scanner (MAGNETOM Trio, Tim system, Siemens AG, Healthcare Sector, Erlangen Germany) and a PET camera insert (BrainPET, Siemens AG, Healthcare Sector, Erlangen Germany) with magnetic field insensitive avalanche photodiodes as scintillation detectors. The standard coil provided for this scanner includes an 8-channel receive coil with a local circularly polarized birdcage transmit coil. The PET camera has inner and outer physical diameters of 35 and 60 cm respectively, with an axial PET FOV of 19.25 cm.
PET Compatibility of Coil Design
The 31-channel coil was designed to minimize the attenuation and scatter of 511 keV photons and thus be PET-compatible. To assess the attenuation properties of coil components inside the PET FOV, CT scans of components were taken with a clinical CT scanner (Discovery STE, GE Healthcare, Chalfont St. Giles, UK). Hounsfield units (HU) from the CT scans were converted into linear attenuation coefficients at 511 keV PET energies by means of a bilinear transformation (20) . Additionally, estimates of attenuation at 511 keV were calculated with the Beer-Lambert law, using documented values of linear attenuation coefficients (21) .
Coil components were evaluated for their tradeoff between PET compatibility (attenuation properties), MR SNR properties and necessary practical considerations (e.g., mechanical stability). In Figure 1 , a range of coil components and their properties are displayed. Various wire thicknesses (16 to 24 awg), and different materials (copper and aluminum) for conducting loops were investigated. Also, two types of coaxial cables with a diameter of 2.2 and 1.2 mm were compared. The impact of using longer coaxial cables to connect conducting loops and preamplifiers was assessed to consider the removal of the preamplifiers from the PET FOV. Finally, the attenuation of preamplifiers on circuit boards (Fig. 1, column  3 ) and plastic housing samples with various thicknesses (2 mm to 12 mm) was measured.
FIG. 1. 511 keV attenuation map of the main coil components that were evaluated for the design of the 31-channel PET/MR array coil (1st row), showing high attenuation of the preamplifiers and thick metal or plastic components. Each electrical component was tested for its MR SNR in a single-loop configuration on a water phantom (2nd row). The final design choices reflect the goal to reduce attenuation but preserve SNR for MRI (3rd row).
To test the performance of components for MR imaging, we built single test loop coils for each coil component option and compared SNR performance. Additionally, silver-based conductive epoxy was evaluated as an alternative to solder for connecting components because of its lower density that would limit attenuation. The final design choice was based on maximizing sensitivity for the two imaging modalities, while minimizing loss of signal.
Array Coil Design
The 31-channel receive (Rx) array coil was designed to be placed inside a commercially available local head transmit coil of the BrainPET camera (Fig. 2) . The Rx helmet former was designed with a three-dimensional (3D) CAD program (Sketchup, Google, Mountain View, CA). As the transmit (Tx) coil accommodates space for a cylinder with a diameter of 28.5 cm, the Rx was designed with a maximum diameter of 28.3 cm to achieve a tight fit into the Tx. Because the Tx coil consists of a splitable housing, we incorporated a split coil former into the design of the Rx for easy patient access (Fig. 2c) .
The overall shape and size of the helmet curvature was based on an aligned head MRI and scaled to the 95th percentile of male head circumferences. To not obstruct the subject's view and to be able to use visual stimulus equipment, cutouts for the eyes were incorporated. The shape of the posterior housing follows natural head contours to support the patient's neck and improve sensitivity toward the occipital lobe and cerebellum. The entire coil was closed with a thin plastic housing to provide coverage of electronics. The final design of the array coil was printed from polycarbonate plastic on a three-dimensional printer (Fortus 400mc, Stratasys, Eden Prairie, MN).
Coil Construction
The layout of the array with overlapped circular coil elements was established with a hexagonal and pentagonal tiling pattern (7) . The pattern was engraved onto the helmet with the CAD program, in addition to standoffs for preamplifiers and cable trap holders. The coil loop diameters were derived from the size of the pentagon or hexagon tiles, resulting in a diameter of 75 mm and 90 mm, respectively. The array was designed to consist of 31 loop elements, plus 1 volume receive channel associated with the Tx. Because the scanner has 32 available receive channels in total, this design used the maximum number of channels possible. The anterior coil segment comprised 15 loop coils, where 13 loops correspond to hexagons and 2 loops to pentagon positions. In the posterior segment, we incorporated 16 loops (13 at hexagon and 3 at pentagons locations).
Based on our component evaluation, we used an 18-awg-thick tin-plated copper wire (Fig. 1 ). Bridges were bent into the wires to allow conductor crossings without contact. Each loop was split into three segments of equal lengths, interleaved with components mounted on small FR4 circuit boards (Fig. 3) . A split into three wire segments (instead of six segments that may be used for coils of this size) reduces the total number of components on the coil, further minimizing attenuation. The circuit boards were produced with a rapid prototyping circuit router (T-Tech-7000, T-Tech, Inc., Norcross, GA) and their size was held as small as possible. A variable capacitor C 1 was used for fine-tuning the loop resonance to the resonant frequency (123.25 MHz) of the scanner. A fuse F (570 mA rating) served as passive protection against potentially large currents induced by the transmit system. The array coil was geometrically decoupled using an overlapped coil element layout. Adjacent loops between the anterior/posterior housing were overlapped with a mechanical rim system, with loops in the anterior segment bent over the housing's rim structure to achieve critical overlap with its nearest neighbors from the posterior housing segment (Fig. 1c) . To use a sparse housing structure around the eyes, the two eye loops were decoupled by a shared impedance.
Each coil element's output circuitry comprised a capacitive voltage divider (C 3 , C 4 ) to match the loop impedance to the preamplifier as shown in Figure 3 . An active detuning circuit across the matching capacitor C 4 was composed of a variable inductor L 1 (hand-wound) and a PIN diode D (Macom, MA4P4002B-402, Lowell, MA). During transmit, the PIN diode is forward biased and the activated parallel LC 4 circuit provides a high impedance within the coil loop. Before mounting the output circuitry to the coil helmet, these traps were pretuned to the Larmor frequency using a small sniffer probe for S 11 monitoring. After populating the array coil, the active detuning traps were fine-tuned using a double-probe slightly coupled into the loop under test and adjusted by means of a S 21 measurement.
Preamplifier decoupling was achieved by transforming the low impedance of the preamplifier to a short across the PIN diode using a l/2 phase shift. This activates the detuning trap to transform a serial high impedance into the coil loop. Thus, current flow is minimized and inductive coupling to neighboring coils is reduced. Because all preamplifiers are placed outside the PET FOV, the distance of the coil element and preamplifiers varies from 10 mm to 100 mm. We compensated for these distances with a pi phase shifter ( Fig. 3 ) located between coaxial cable and preamplifier, while maintaining the desired l/2 phase shift needed to transform the preamplifier input impedance to a short across the diode.
Due to space constraints and preamplifier placement outside the PET FOV, we placed 23 preamplifiers at the superior end of the coil, with the remaining eight placed at the inferior end of the helmet. We aligned all preamplifiers in z-direction to the magnetic field B 0 to prevent Hall effect issues on the drain current of the Field Effect Transistor (22) . Output cables from the preamplifiers were bundled together with eight outputs into one cable trap each to prevent common mode currents and interference during RF transmit.
During the design layout, special attention was paid to prevent output cables from passing through the PET FOV. Three cable outputs with eight channels each were positioned to leave the coil toward the back of the scanner. One of these plugs also included the transmission lines for receive and transmit paths for the local birdcage Tx. The eight channels with preamplifiers positioned at the inferior end of the coil were bundled into one plug exiting at the neck end of the housing. These plug arrangements allowed a complete elimination of output cables from the PET FOV (see Supporting Fig. S1 , which is available online).
Coil Bench Tests
Bench testing during construction was carried out with a custom-made coil-plug simulator that provides 10 V for the preamplifiers and has the ability to manually apply a bias current (100 mA) to each PIN diode on the array elements. Bench measurements verified element tuning, active detuning, nearest-neighbor coupling and preamplifier decoupling for each coil element. The ratio of unloaded-to-loaded quality factor (Q U /Q L ) was measured for each coil element size. The Q U /Q L -ratios were obtained for a loop with no coaxial cable or preamplifier and were tested with the loops external to the array assembly.
Initially, all loops but the element under test were detuned with a DC bias. The S 21 measure of a doubleprobe was used to adjust active detuning by maximizing the difference between S 21 measures in the tuned and unturned state. Geometrical decoupling of adjacent loop pairs was carried out by a direct S 21 measurement, in which coaxial cables were connected from the each preamplifier input socket of two adjacent loops to the network analyzer while all other elements were kept actively detuned. The overlap percentage of each coil pair was then adjusted empirically by bending the overlapped part of the wire of each loop to achieve isolation between À13 dB and À18 dB.
We measured preamplifier decoupling of a given loop with all other loops detuned. Preamplifier decoupling was measured as the change in S 21 , while the coil output coaxial cable was terminated with two different match conditions (23) : first, with a powered preamplifier (low impedance termination) and second, with a power matched source impedance (i.e., 50 V). For each loop in turn, the bias voltage was turned off to measure preamplifier decoupling.
For the scanner setup with the BrainPET insert, a commercially available PET-optimized local transmit coil (Siemens AG, Healthcare Sector, Erlangen, Germany) encloses the 31-channel Rx. Due to the close proximity of the two coils, we observed both a shift and a split in resonant frequency for the transmit coil when the detuned array coil was placed inside the birdcage. This was attributed to residual coupling between the two coils and we had to carefully retune and restore circularly polarized symmetry of the transmit coil. This would be a lesser issue in whole body PET/MR applications, where the body Tx is located further away from the Rx array.
MRI Data Acquisition and Analysis
Images were acquired with a head-shaped phantom filled with physiological saline and gadolinium. SNR measurements were taken with proton density weighted gradient echo images (repetition time [ . SNR maps were computed with the noise covariance weighted root sum-of-squares from individual channel images (24) . To assess noise amplification in SENSE reconstructions, g-factor maps (11) were calculated from the complex coil sensitivity maps and the noise correlation matrix using the same imaging sequence but with an adjusted FOV (210 Â 210 mmbut with the PET insert taken out and a body coil used for transmit.
Human PET/MR images were acquired for comparisons between the 8-channel and 31-channel coil. T1-weighted MR images were acquired with a multiecho MPRAGE sequence (MEMPRAGE, (25) To evaluate the attenuation of each coil, CT scans were processed for an estimate of the coil attenuation at 511 keV in sinogram space: First, CT images in Hounsfield Units (HU) were converted to an attenuation map in units of linear attenuation coefficients at 511 keV (in cm À1 ) by a bilinear transformation (20) . The Radon transform was then applied to bring the data into sinogram space of angle versus radius. A sinogram of attenuation correction factors (ACF) was then obtained by evaluating the exponential of the Radon transform result.
Derivation of the 31-Channel Coil Attenuation Map
An attenuation map of the coil was created from the CT images of the 31-channel array. Streak artifacts on the CT images due to highly attenuating metal components were removed manually before extrapolating to 511 keV energies. To obtain an accurate positioning of the attenuation map in the PET FOV, four fillable fiducial markers were placed at fixed locations on the coil. The markers were filled with contrast agent during the CT scan and [ 18 F]-solution for a PET scan. The fiducial markers from the CT were then registered to the PET to place the coil attenuation map in an accurate position in the PET FOV. Attenuation maps were blurred to match PET resolution using a 3 mm FWHM Gaussian kernel and noise reduction.
PET Data Acquisition and Reconstruction
To test the CT-derived coil attenuation map, PET data were acquired with an [
18 F]-solution filled phantom ($0.4 mCi in 1.9 L). The phantom was placed in a fixed position on the patient bed and scanned in three configurations in the following order: with (i) the 31-channel or (ii) the 8-channel coil in place, or (iii) without any coil in the PET FOV. To compensate for the reduced activity over time (for the 2nd and 3rd scans), scan durations were adjusted to match the same activity levels in each scan: (i) 12.6 min, (ii) 17.3 min, and (iii) 20 min for the three configurations above. An attenuation map of the phantom was derived from an initial PET image that was first reconstructed without attenuation correction and then thresholded to create a binary mask. The linear attenuation coefficient corresponding to water (0.096 cm À1 ) was assigned to all the voxels inside the mask. The same attenuation map was used for all reconstructions, co-registered to each initial PET image to account for small changes in position. PET data were reconstructed with a standard 3D ordinary Poisson expectation maximization algorithm (OP-EM, 32 iterations), using both prompt and variance-reduced random coincidence events (26) as well as normalization, scatter (27) and attenuation sinograms (28) 
Normalized difference images were computed as the difference in phantom images taken with the coil and the reference image (no coil in PET FOV) and were divided by the reference image and masked to compute relative change values inside the phantom.
Human PET (and MR) data was acquired at 73 and 116 min after injection of [ 18 F]FDG (5 mCi injected activity), first with the 31-channel and then with the 8-channel coil in place. To match the total activity (and thus SNR) for the two scans, the duration of the PET scan was adjusted to 15 min and 20 min for the 31-channel and 8-channel coil acquisitions, respectively. A pseudo-CT attenuation map of the head was derived from an anatomical MEMPRAGE scan (see MRI data acquisition and analysis) and used for attenuation correction of the head (29) . Otherwise, PET data were reconstructed as described above (27) . All studies were carried out in compliance with the Institutional Review Board at Massachusetts General Hospital.
RESULTS
Coil Component Evaluation
The material PET/MR performance tradeoffs and final design choices for the 31-channel PET/MR coil are summarized in Figure 1 . For the loop wire choices (Fig. 1,  column 1) , SNR values decreased with wire diameter. Loops built with conductive epoxy showed a lower quality factor and connections were not strong enough for a stable array, so that standard solder was used in all cases. Relative to a standard 16 awg wire, the 18 awg and 24 awg wire showed a 6.2% and 22% reduction in SNR respectively. The aluminum foil loop showed a 25% decrease in SNR. Calculations from the BeerLambert law showed an estimated maximum beam attenuation of 9% from a 16 awg wire, 7% from an 18 awg wire, and 3% from a 24 awg wire. Based on these measurements, the 18 awg wire was chosen for the final design as a compromise to preserve SNR and limit attenuation of 511 keV photons.
The second column in Figure 1 compares the performance of two coaxial cables of different thickness that connect the coil and preamplifier. The graph illustrates the SNR performance as a function of depth into the phantom. Both coaxial cables showed similar SNR performance, such that the thinner 1.2 mm silver coaxial cable was chosen for the final design.
With the CT scan and attenuation map (Fig. 1 , column 3), we showed that the preamplifiers are the most attenuating components of the coil. If the preamplifier is moved away from the PET FOV, i.e., the distance between loop and preamplifier is increased from 40 mm to 100 mm, an average loss of 8% in SNR is shown. This small loss was deemed acceptable in light of the reduced attenuation from preamplifiers. A distance of 100 mm was the largest length of coaxial cable needed for all preamplifiers to be placed outside the PET FOV.
The plastic housing (Fig. 1, column 4 ) was chosen to have minimal thickness wherever possible, taking into account mechanical stability of the housing. The shell was thus chosen to have a thickness of less than 2.7 mm on a flat surface, which corresponds to an attenuation of 3% according to the Beer-Lambert law.
MR Performance of Array Coil
The single loop unloaded/loaded quality factor for a 90 mm loop was measured as 230/45, (% 5.1 ratio) for a single coil loop. In Figure 4 , the noise correlation matrix of the 31-channel PET/MR coil is shown in comparison with the 8-channel PET/MR and the 31-channel MR-only phased array coil. The noise correlation ranges from 1% to 65% and averages with 21.4%, excluding the diagonal elements. Geometric decoupling on the bench achieved an average attenuation of À15.2 dB, with minimum attenuation of À13.0 dB and maximum of À22.2 dB. Preamplifier decoupling allowed for an additional À25 dB attenuation. To compare, the 8-channel PET/MR and 32-channel MR-only array achieve an average noise correlation of 11.8% (max: 20%, min: 1%) and 12.4% (max: 44%, min: 0.1%), respectively.
The MR SNR maps of a representative sagittal and axial slice for each of the three coils are shown in Figure  5 . The gain in SNR, relative to the eight-channel array, was calculated for regions of interests with an area of 18 Â 18 mm 2 placed at locations (a) to (f) (Fig. 5) . The highest SNR values of the 31-channel array are found at the periphery, close to the coil elements. In the sagittal slice, SNR gains were 2.3 (a, frontal region), 1.6 (b, center) and 1.7 (c, posterior region). In the axial slice, SNR gains were 2.2 (d, anterior region), 2.1 (f, posterior region), and 1.8 (e, center). Figure 6 (top) shows inverted g-factor maps for an axial slice (same slice position as for the SNR maps) for the three coils in comparison. Four one-dimensional accelerations in the anterior-posterior direction with acceleration factor R ¼ 2 to R¼ 5 and four twodimensional accelerations with additional right-left directions are compared for the three coils. For the 8-channel array, the g-factor increases rapidly for R > 2, translating into increased image noise amplification, whereas the 31-channel array consistently shows an overall lower g-factor. Comparison to the 32-channel MR-only array demonstrates that the 31-channel PEToptimized array coil provides similar parallel imaging capabilities. Figure 6 (bottom) shows corresponding histograms formed from the 1/g-factor maps above, with histogram entries binned to 20 entries. For accelerations of R ¼ 2 and R ¼ 3, the 31-channel outperforms the 8-channel array with the majority of voxel distributions near 1/ g ¼ 1. Higher accelerations of R ¼ 4 and R ¼ 5 results in a complete loss of high 1/g factors for the 8-channel array, whereas the 31-channel array shows an improved performance with a similar 1/g-factor distribution to that of a conventional 32-channel array.
PET Performance/Attenuation of Array Coil from the center in each direction (z ¼ 67.5 cm). All slices lie within the PET FOV. The CT images show that there are more components on a standard 32-channel MR-only coil that would attenuate photons. The main absorbing components are densely packed electrical components from the preamplifiers and highly attenuating cables, cable traps, and cable plugs. Figure 8 shows sinograms of attenuation correction factors (ACF) for the corresponding slices of the CT images shown in Figure 7 , with the mean ACF displayed for the each slice (z ¼ 0 and z ¼ 67.5 cm). At z ¼ 0, the 31-channel PET/MR coil attenuates 12% more with respect to the 8-channel PET/MR coil, whereas the 32-channel MR-only coil attenuates 77% more. Similar results are obtained in both directions away from the center. The overall mean ACF for a total axial length of 20 cm, with 40 slices taken into account, spaced at 0.5 cm each is 1.13 for the 8-channel PET/MR coil, 1.33 for the 31-channel PET/MR coil, and 2.40 for the 32-channel MR-only coil. Hence, we estimate that the 31-channel PET/MR coil attenuates 18% more on average and the 32-channel MR-only coil attenuates 112% times more, compared with the 8-channel PET/MR coil.
The artifact load of the 31-channel coil and the loss in photon counts due to the coil are demonstrated in Figure  9 with PET phantom data. Images from an [ 18 F]-solutionfilled cylindrical phantom with the 8-channel or 31-channel coil in place are compared with a reference dataset without any coils present in the PET FOV. Normalized difference images relative to the reference image are shown next to the phantom images for each case. At the top in Figure 9 , a maximum intensity projection of the attenuation map including the coils is shown and visualizes the amount of attenuation inside the PET FOV. Without accounting for attenuation correction of the coil (Fig. 9, middle rows) , artifacts and an overall loss in photon counts are visible. On average, the 8-channel and 31-channel coil show a 14% and 17% loss in photon counts, respectively. Based on this phantom data, the 31-channel coil attenuates 21% more on average than the 8-channel coil. In addition, an analysis based on five regions of interest (ROIs, shown in Figure   FIG. 7 . Axial CT scans for z-positions À7.5 cm, 0 cm, and 7.5 cm of the 8-channel PET/MR, the 31-channel PET/MR, and a standard MR-only 32-channel coil. While the 8-channel coil shows the least material in the PET FOV, the 32-channel MR-only coil shows attenuating coil components, such as the plugs, preamplifiers and cable traps. Compared with these two coils, the 31-channel PET/MR coil shows more metal due to the higher number of coils but does not have large attenuating coil components in the PET FOV.
9, right) was carried out. Supporting Table S1 shows the loss in photon counts in terms of relative change for ROIs 1 to 5 in a plane at the center of the PET FOV. A plot of these ROIs over all planes along the length of the phantom is shown in Supporting Figure S2 .
Attenuation correction was implemented for the 31-channel coil with an attenuation map created from CT scans. As a result, image artifacts were removed, so that the PET images are comparable to the reference image without any coil in the PET FOV (Fig. 9, bottom rows) . Moreover, attenuation due to the coil was largely accounted for, such that measured losses compared with the reference image reduced to 2% and 4% on average for the 8-channel and 31-channel coils, respectively. From an ROI-based analysis with ROIs 1 to 5, we found that ROIs at the center of the coil had the least relative change compared with the reference image and all ROIs showed a maximum of À5% change on average. The values for each ROI are listed in Supporting Table S1 , and the values for all planes along the length of the phantom are shown in Supporting Figure S2 .
Simultaneously acquired images from a healthy volunteer demonstrate the array's optimization toward obtaining highly sensitive PET/MR imaging data (Fig. 10) . The [ 18 F]FDG-PET data show artifact-free images, reconstructed with respective coil attenuation maps. For MR images taken with the 31-channel coil, the higher SNR and lower g-factor translate into improved image quality, as shown in the T1-weighted anatomical images (MEM-PRAGE) with acceleration factors R ¼ 2 and R ¼ 4. 
DISCUSSION
Overall, the design of the PET-compatible array coil took into consideration three main design criteria: first, sensitivity improvement of the MR image compared with available coil designs for PET/MR systems; second, removal of all possible components (i.e., the preamplifiers) outside the PET FOV, and third, the choice of coil components within the PET FOV for minimal attenuation of 511 keV photons while maintaining sensitivity from the MR signal.
The choice of electrical components within the PET FOV was a compromise between achieving the highest possible MR SNR and low attenuation/artifacts for the PET acquisition. Generally, electrical components that allow for high SNR are larger or contain more highly attenuating materials on circuit boards. But if the similar performance can be achieved with smaller components, those should be the preferred choice. It was thus necessary to evaluate all components for their properties before designing the coil. For example, thicker wires correspond to a higher quality factor in measurements and would be desirable, except for thicker wires causing more photon attenuation. As one tradeoff, we chose a thinner 18 awg copper wire for coil loops, contrary to previous coil designs, in which 26% thicker (16 awg) wires were used (9) . Because the 18 awg wire loops only showed 6% less SNR, this was an acceptable tradeoff. Smaller wire loops showed much larger decreases in SNR and thus were not chosen. In coils with fewer receive channels, this may not have a large impact, but in the case of 31 or 32 channels, artifacts can become more pronounced. Hence, component choices and their arrangement should be taken into account during the coil design stage.
We evaluated the MR performance of the constructed 31-channel array with MR noise correlations, SNR maps and g-factor maps. We demonstrated superior MR performance of the 31-channel array over current existing arrays (an 8-channel receive array dedicated to the Brain-PET scanner). At the same time, SNR and acceleration properties were not diminished in the 31-channel PET/ MR coil compared with a 32-channel MR-only coil, even though we made some compromises on the electrical components to reduce attenuation.
To assess the PET performance, we analyzed CT scans in sinogram space and determined attenuation correction factors at 511 keV. Moreover, we analyzed PET phantom data to compare the attenuation of the 31-channel coil to the existing 8-channel coil and a reference phantom without coils in the PET FOV. We showed that the constructed 31-channel PET/MR array has a similar attenuation to the 8-channel PET/MR array, even though it has nearly four times the number of channels. Additionally, the 31-channel array shows an improvement over conventional 32-channel coils in terms of attenuation properties. Thus the coil design can be seen as either improving MR performance at similar PET performance compared with the 8-channel PET-optimized array, or improving the PET performance at similar MR performance when compared with a 32-channel MR array.
Attenuation correction of PET images is a necessary processing step for accurate quantification of PET datasets. However, the implementation of attenuation corrections for MR coils is not straightforward: The geometry of the MR coil cannot be imaged because there are no transmission sources or CT available at PET/MR scanners that account for a reliable attenuation map before each scan. Prior knowledge of the attenuation map and its specific location is thus required. Therefore, it is desirable that components are fixed in a stable position to avoid relative movement of components that could partially invalidate attenuation maps acquired previously. To address this issue, the 31-channel coil was designed to fit tightly into the table bed and local transmit array because small displacements in space can lead to artifacts that can be challenging to correct for (15) . Minimizing attenuation from MR coils during the design stage avoids unnecessary artifacts and increases true coincidences in PET images, leading to higher SNR.
While the conversion of Hounsfield units into linear attenuation coefficients by means of a bilinear transform is an established method for human tissues (20, 30) , applying the same conversions on highly attenuating metals can introduce errors. Attenuation properties of coil components are usually not exactly known as extrapolation to 511 keV energies from CT scans is approximate. It is thus challenging to correct for all components accurately (15) . On the CT images used for deriving attenuation maps, beam hardening artifacts often cause an overestimation of the Hounsfield units of highly attenuating electrical components (17) . The standard conversion to linear attenuation coefficients we applied may thus overestimate the attenuation properties of the RF coil, and it may result in overcorrection of the attenuation of the coil in PET images. While 511 keV transmission scans may provide a more accurate alternative to derive attenuation maps (18) , the resolution of standard transmission images is too low for the highresolution BrainPET camera used here. To further improve the accuracy of attenuation evaluations and corrections, targeted conversion methods for nontissue components and highly attenuating electronics need to be developed.
The design criteria for PET-compatible coils presented here are generally valid for multichannel coils in PET/ MR imaging. A similar, though slightly modified, design of the 31-channel coil presented here can be used for the construction of 32-channel coils for newer-generation PET/MR scanners. New generation commercially available PET/MR scanners are targeted toward whole-body imaging, in which a longer PET FOV is present and automatic table movements allow for the acquisition of several bed positions in PET. In this case, preamplifiers would need to be moved an additional 5 cm further away from the coil to adjust to the PET FOV. Moreover, all preamplifiers should be moved to the superior end of the coil to not interfere with subsequent whole-body scans. Overall, the majority of design criteria can be used as proposed in this work though.
The design of PET-compatible arrays is equally important for sequential PET/MR systems. In an integrated sequential scan setup, the subject and coils are generally not moved as the scan table switches position from one scanner to the other (31) to preserve the position of the patient. Hence, sequential PET/MR scanners face the same challenges from MR coil attenuation and specially designed coils are needed for such applications as well.
CONCLUSIONS
In this study, we presented design criteria for PETcompatible multichannel MR arrays and showed the design, construction and performance of a 31-channel receive array for human brain imaging that is optimized for simultaneous PET/MR imaging. The array is characterized by a sparse configuration of 511 keV absorptive materials in the PET FOV, placement of preamplifiers outside the PET FOV and a tight fit into a local transmit coil within a confined space of a BrainPET camera.
The 31-channel PET-compatible array coil enables higher sensitivity and better image quality for both PET and MRI. The superior performance of the 31-channel array was demonstrated with SNR and 1/g-factor maps in the MR domain, and with attenuation measurements of 511 keV absorptive materials in the PET domain. We successfully implemented accurate attenuation correction of the coil and demonstrated the coil performance with simultaneously acquired PET/MR brain images. Hence, this array coil enables new applications of high quality simultaneous PET and MR brain imaging in the clinic or research domain.
